Traumatic injury and neurodegenerative diseases in the central nervous system, such as Alzheimer's and Parkinson's, result in irreversible structural destruction of the neuronal network accompanied by neuronal damage or apoptosis. 1, 2 Unfortunately, neurons in the adult human brain have a limited regeneration capability. 3 Cell therapy shows great potential to repair and regenerate damaged or diseased tissues. Stem cells or neural progenitor cells can be directed to differentiate into neurons, replace the damaged neural tissues and form functional neuronal networks. 4 However, the blood-brain barrier (BBB) hinders effective recruitment of the therapeutic cells to specific sites of the central nervous system (CNS) if they are intravenously administered. Therefore, cell transplantation to tissues of the central nervous system usually requires conventional medical or surgical interventions, which are not only risky and time-consuming, but also painful for the patient. An injection of therapeutic agents into the subarachnoid space (also known as intrathecal administration) could be an option to circumvent the BBB. The subarachnoid space is the volume between two meningeal membranes, the arachnoid membrane and the pia mater, and is filled with cerebrospinal fluid (CSF). Although it has recently been demonstrated that intrathecally injected stem cells loaded with superparamagnetic nanoparticles can be steered using permanent magnets, 5 the targeted delivery of therapeutic cells and their differentiation at specific sites of the central nervous system remains challenging.
In this work, we demonstrate that neuron-like cells can be transported to a targeted area and can be induced to differentiate by magnetically driven piezoelectric helical microswimmers. Untethered small-scale robotic devices are potential tools for biomedical applications such as targeted therapy delivery and minimally invasive interventions. [6] [7] [8] [9] [10] [11] [12] [13] [14] [15] [16] [17] The use of magnetic fields is a popular method for maneuvering micro-and nanorobots for biomedical applications, as magnetic energy is harmless to cells and tissues in a wide range of conditions, and can also penetrate deeply into the human body. 18, 19 While several magnetic microand nanomachine designs allow for the transportation of cells to target areas, most do not provide a stimulating environment for the cells to proliferate or differentiate, which is crucial for targeted cell therapy, especially in the area of neural diseases. A very recent contribution illustrates the importance of designing highly integrated microtransporters with bioactive features. Particularly, Yasa et al. have shown that magnetically driven robotic microtransporters incorporating both stem cells and stem cell niche mimetic microenvironments can be used to successfully program the differentiation of bone cells. 20 For neuronal cells, it has been demonstrated that the deficiency of neuronal regeneration is not an intrinsic cell property, but is rather caused by an unfavorable growth environment within the damaged tissue. 21 Under external strain such as ultrasonic vibration, piezoelectric materials can provide electrical stimulation to promote neuron differentiation without nerve growth factors (NGF). [22] [23] [24] [25] [26] [27] Therefore, in this work, we designed microswimmers made of helical bodies consisting of a piezoelectric polymer matrix dispersed with magnetic nanoparticles. The magnetic nanoparticles serve as the motile component of the device, while the piezoelectric polymer acts as both a steerable scaffold and an acoustically responsive cell electrostimulation platform. Fig. 1a depicts the fabrication process of the piezoelectric magnetic microswimmer. First, magnetic nanoparticles were mixed in a piezoelectric polymer solution to obtain a uniform dispersion. The choice of the piezoelectric material is critical, as it is essential for inducing cell differentiation. Piezoelectric polymers, such as polyvinylidene fluoride-co-trifluoroethylene (P(VDF-TrFE)) and poly-L-lactic acid (PLLA), are particularly promising due to their easy-processing, mechanical robustness, flexibility, chemical stability, and biocompatibility. 26, 28 CoFe 2 O 4 (CFO) was selected as the magnetic component due to its hardmagnetic nature, which enables the programming of the magnetization direction of the composite structure. The remanence magnetization of CFO allows the composite helical structure to be permanently magnetized perpendicular to its long axis. In this way, the helix can rotate along its short axis when it is actuated with a rotating magnetic field, causing it to swim with a corkscrew motion. The polymer/nanoparticle dispersion was applied to a copper wire through dip-coating to form a uniform composite layer after the solvent evaporated. The coated wire was then fixed onto a custom-made sample holder ( Fig. S1 , ESI †) and a laser mill was used to ablate the composite film. The laser beam was moved along the copper wire while the copper wire was rotating around its short axis at a certain speed, so that the trajectory of the laser ablation on the cylindrical surface formed a helical shape. Finally, the helical microswimmer was released by selectively etching the copper wire. The detailed fabrication process can be found in the experimental and ESI † sections. Note that the current fabrication method allows for easy tuning of the parameters of the helical structures. The pitch, pitch angle and the ratio of the etched composite materials can be controlled by tuning the speed of the laser beam motion, the rotating speed of the wire and the laser spot size (see ESI †). This approach is not limited to the current composite system, but is applicable to other polymers and composites. Fig. 1b shows a helical microswimmer made of PLLA/CFO with a pitch angle of 251, inner diameter of 250 mm and etching ratio of 70%. The P(VDF-TrFE)/CFO helical swimmer in Fig. 1c has a pitch angle of 351, inner diameter of 250 mm, and etching ratio of 30%. Fig. 1d and e show two helical swimmers with identical diameters, pitch angles, and etching ratios, one of which has a carved head.
The addition of nanoparticles into polymer matrices may result in changes in the processability of the composite, and the interaction between nanoparticles and polymers may induce significant changes in the crystalline structures of the piezoelectric polymer. 29, 30 To confirm that P(VDF-TrFE) maintains its piezoelectric phase, and that the CFO particles were not deteriorated by the processing procedure (e.g., ultrasonic assisted dispersion, heat generated by the laser, etc.), we performed X-ray diffraction (XRD) measurements on the P(VDF-TrFE)/CFO composite (Fig. 1f ). The XRD of the composite reveals that P(VDF-TrFE) is still piezoelectric as evidenced by the diffraction peak at 20.01, which reflects the (110, 200) crystallographic plane with an interchain lattice space of 4.43 Å in ferroelectric b phase. [31] [32] [33] The diffraction peaks located Fig. 1g . The paramagnetic contribution was subtracted to reveal the ferromagnetic nature of the composite. The diagram shows that the coercive magnetic fields are almost the same (B2.1 kOe) both along, and perpendicular to, the long axis of the helical swimmers. The remnant magnetization values for both directions are also similar, 0.0547 memu along the long axis and 0.0504 memu perpendicular to the long axis, respectively. No obvious magnetic anisotropy, i.e., no preferred magnetization easy axis, was observed in the helical structure. Magnetic propulsion shows great potential for the locomotion of micro-and nanorobots in the human body because it is biocompatible and noninvasive. 7, 14, [34] [35] [36] In order to actuate a small-scale magnetic robot, a magnetic field, either inhomogeneous (magnetic field gradient) or time-varying (rotating or oscillating), must be applied. Magnetic helical structures are able to transform their rotational motion into translational motion even under low magnitude rotating magnetic fields. The corkscrew locomotion mechanism is one of the most efficient propulsion strategies at low Reynold number regime, where viscous forces dominate over initial forces. 36, 37 The helical structures were magnetized along their short axis using a strong static magnetic field generated by an NdFeB permanent magnet to actuate rotation around their short axis. When the magnetic field was removed, a remanent magnetization M r remained. When a rotating magnetic field, H, is applied, the microswimmer rotates because M r tends to align itself with the direction of H, as is shown in Fig. 2a . In Fig. 2b , a rotating magnetic field of 10 mT was applied to control the motion of the microswimmer in deionized (DI) water. The corresponding video can be found in the ESI † (Video SV1). The total velocity of the microswimmer is composed of two parts: forward velocity and lateral velocity, as schematically illustrated. The lateral velocity was generated by friction with the substrate surface and the rolling motion of the helical microswimmer. 36 The swimming velocities, both forward and lateral, and the drift angle (which is defined as the angle between the forward and lateral velocity direction) are dependent on the rotating frequency of the applied magnetic field (Table S1, ESI †), which can also be seen in other works. 38 Our aim is to inject the microswimmer in a minimally invasive way, for example by lumbar puncture, actuating the microswimmer in the subarachnoid space with magnetic fields. The subarachnoidal cavity in the spinal cord is a narrow space filled with the cerebrospinal fluid (CSF), which has a viscosity very close to water. We used a capillary tube filled with DI water to simulate the magnetically controlled movement of the microswimmer in the subarachnoidal cavity, as shown in Fig. 2c and Video SV2 (ESI †). Confined by the tube wall, the microswimmer can only move forwards or backwards along the tube, and is controlled by changing the rotating direction (clockwise or counter-clockwise), which allows the microswimmer to be retrieved after completion of its delivery task. The speed is linearly proportional to the frequency of the rotating magnetic field when the frequency is lower than 15 Hz (Fig. S2, ESI †) . No obvious step-out behavior was observed in the assessed frequency range, although at 30 Hz the speed is slightly less than the predicted value, and a speed of B580 mm s À1 was achieved.
We also need to consider the motion of the microswimmer once it reaches the brain. It is reasonable to assume that the helical microswimmers will need to swim through biological micro-environments, such as the viscous extracellular matrix (ECM), to deliver the cells to a targeted area. The biological environment of the ECM is a highly complex medium composed of many types of macromolecules, with a viscosity that can exceed 200 mPa S, 39 which is much higher than that of water and CSF (B1 mPa S). The Reynolds number is defined as
where u is the velocity of the fluid with respect to the object (m s À1 ), L is a characteristic linear dimension (m), and n is the kinematic viscosity of the fluid (m 2 s À1 ). Considering u as 200 mm s À1 , L as 2000 mm, and n as 200 mm 2 s À1 , the Reynolds number will be in the order of 10 À3 . The corkscrew motion of the microswimmer is advantageous in such a low Reynolds number environment. In order to simulate motion in these conditions, we actuated the micro helical swimmer in silicon oil, which has a viscosity of around 340 mPa S. The helical structure should be optimized in terms of its pitch angle, length and etch ratio, as discussed in the ESI † (Section 4). Fig. 2d and Video SV3 (ESI †) show how one microswimmer with optimized parameters can be actuated to swim in silicon oil at a frequency of 5 Hz, with a swimming speed of up to 0.5 mm s À1 . Fig. 2e and Video SV4 (ESI †) show the side view of the microhelical swimmer being actuated to swim in silicon oil. The swimmer can be actuated to swim precisely in 3D, even against gravity, and this precise locomotion in viscous fluid shows the potential of microswimmers for use in biological environments. Fig. 1e shows a microswimmer with a head, which was also actuated to swim in silicon oil in 3D, however the maximum swimming frequency achieved was 1.8 Hz (Video SV5, ESI †).
To deliver cells to the targeted area and stimulate them to differentiate in situ, the microswimmer must be able to accommodate the cells on their structure, as shown in Fig. 3a . PC12 cells were selected, as this cell line has been widely used as a model for neuronal differentiation. The microswimmers were treated with poly-L-lysine, a synthetic amino acid chain, to facilitate the adhesion of cells to their surface. Fig. 3b shows an optical image of a microswimmer tail made of PLLA and magnetic particles, Fig. 3c is the corresponding fluorescent image, which shows PC12 cells attached to the microswimmer. The blue dots in the figure are cell nuclei stained with Hoechst. As the microswimmer is not transparent, only the cells attached at the edges of the helical body are visible. The cell-laden microswimmer can then be actuated to move in narrow spaces, as shown in Fig. 3d and in Video SV6 (ESI †), which were taken under an inverted fluorescent microscope, where only the cells on the edges can be visualized. After the microswimmer reaches the target area, the cells can be induced to differentiate using ultrasound stimulation. After 3 days, PC12 cells incubated on the P(VDF-TrFE)/magnetic nanoparticle microswimmers began to form protrusions under acoustic stimulation (Fig. S4, ESI †) . Fig. 3e shows that after 7 days the PC 12 cells are already differentiated, while the control groups seeded on PVDF microswimmers without ultrasound stimulation, and those only stimulated with ultrasound in the absence of microswimmers, remain undifferentiated. The differentiated PC12 cells can be clearly distinguished from the undifferentiated cells by examining the extended axons, as observed from the enlarged fluorescent images on the right panel of Fig. 3e. Fig. 3f is an SEM image showing differentiated PC12 cells on the inner surface of a PVDF helical swimmer after 7 days of US stimulation. The axons are clearly observed, as indicated by the white arrows.
Regeneration of neuron cells in an adult brain is a key step in the construction of a functional neuronal network. In this work, we propose a conceptual methodology for contactless, controlled neuron cell delivery and in situ differentiation for neuroregenerative therapy. By combining the magnetically controlled microswimmer and piezoelectric material, we fabricated a mobile platform for delivery and stimulation of neuron-like cells. Remarkably, the microswimmers developed in our work could actively induce the differentiation of neuronal cells only under physical stimulation, circumventing the use of expensive growth factors. The design and usage of microswimmers with other geometries would also be possible, assuming they could be actuated to deliver cells to targeted regions. The external energy sources for both actuation (magnetic fields) and stimulation (ultrasound) are biocompatible and can penetrate deeply into the human body. Related techniques have already been widely adopted in medical imaging procedures such as magnetic resonance imaging (MRI) and ultrasound-based imaging. However, the in vivo application of these microagents will require further refinements and optimization. Note that the long-term biosafety of piezoelectric and magnetic compounds, their biodegradability and the physiological management of these materials by the body environments will require a further in-depth assessment. Nevertheless, we anticipate the present concept could provide inspiration for treating traumatic neuron injuries and neuron degenerative diseases.
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